Abstract Local thermal therapies are increasingly used in the clinic for tissue ablation. During energy deposition, the actual tissue temperature is difficult to estimate since physiological processes may modify local heat conduction and energy absorption. Blood flow may increase during temperature increase and thus change heat conduction. In order to improve the therapeutic efficiency and the safety of the intervention, mapping of temperature and thermal dose appear to offer the best strategy to optimize such interventions and to provide therapy endpoints. MRI can be used to monitor local temperature changes during thermal therapies. On-line availability of dynamic temperature mapping allows prediction of tissue death during the intervention based on semi-empirical thermal dose calculations. Much progress has been made recently in MR thermometry research, and some applications are appearing in the clinic. In this paper, the principles of MRI temperature mapping are described with special emphasis on methods employing the temperature dependency of the water proton resonance frequency. Then, the prospects and requirements for widespread applications of MR thermometry in the clinic are evaluated.
Introduction
The possibility to locally deposit thermal energy in a noninvasive way (with high-intensity focused ultrasound, HIFU [1] ) or in a minimally invasive way (using laser, radiofrequency (RF) or microwave) has opened a path toward new therapeutic strategies with improved reliability and reduced associated trauma. Among the best known of these therapies are the techniques of tumor thermo-ablation [2] . Their objective is a necrosis of the tissue heated by an elevated thermal dose (TD). The largest clinical experience involves RF ablation (of liver tumors [3] , renal tumors [4] and others [5] ), but HIFU applications are progressively growing (in uterine fibroids [6, 7] , breast cancer [8, 9] , prostate [10] , liver [11] , kidney [12] , bone [13] and pancreas [14] ). RF and most HIFU thermal ablations are performed without spatial temperature control, currently under computed tomography (CT) or ultrasound (US) monitoring [2, 6] . Therefore, the extent of the lesion is difficult to assess during the intervention, but only retrospectively, after thermal application.
Another application of thermotherapy is the use of a small thermal dose, in itself non-lethal for cells, for innovative therapeutic strategies such as: (1) regulation of transgene expression when using a heat-sensitive promoter [15] ; (2) local drug deposition with the help of thermosensitive drug nanocarriers [16] .
During energy deposition, the actual tissue temperature is difficult to assess. Physiological processes may modify local heat conduction and energy absorption. Blood flow may increase during temperature increase and thus change heat conduction. In addition, the effect of heat stress is often delayed via apoptotic processes, and may thus be difficult to measure during the intervention. Semi-empirical relations between tissue damage and heat exposure have been derived by Sapareto and Dewey [17] . In order to improve the therapeutic efficiency and the safety of the intervention, real-time mapping of temperature and thermal dose appear to offer the best strategy to optimize such interventions and provide clinical therapy endpoints [6, 18] . Of the different imaging modalities, MRI appears the ideal tool for temperature mapping. A particular advantage of MRI for guiding thermal procedures is that MRI not only allows temperature mapping, but it can be used as well for target definition. The effects of temperature changes, from a baseline value, on MR measured parameters (resonance frequency, relaxation, diffusion) has been well described previously, and the first report of temperature mapping by MRI appeared in 1983 [19] . The method was based on the longitudinal relaxation time (T 1 ). T 1 -based methods have been used in the clinic and preclinical applications, in particular at low field [20, 21] . Since then, alternative MR temperature imaging methods have been proposed as for example techniques based on diffusion coefficients [22] . However, the most widely used MR temperature mapping is based on temperature dependence of the water proton resonance frequency (PRF) [23] [24] [25] [26] . The excellent linearity of the temperature dependency of the proton resonance frequency and its near-independence with respect to tissue type, except for the fat, make the PRF-based method the method of choice, in particular at mid-to high-field strength. The reader is referred to recent reviews for principles of MR thermometry [27, 28] .
Real-time monitoring of temperature changes makes it possible to calculate and to display the accumulation of a thermal dose (which depends on the temperature and on the time of application) within the target tissue, which is the main end-point to predict a level of cellular damage.
Technical difficulties related to motion artifacts and quality control in MR temperature maps, and/or the need for real-time availability of temperature data have limited the use of temperature mapping. Recently introduced improvements in MRI technologies may have an impact on the quality of temperature mapping. In addition, the stability and homogeneity of the main magnetic field of modern mid-to high-field instruments is excellent. The rapid acceptance of high-field (3T) MRI and parallel imaging opens up possibilities of further gains in signal-tonoise ratio (SNR) and imaging speed. Moreover, promising new methods have been developed that limit motionrelated artifacts. Further improvements and standardization are still needed to allow multi-site clinical trials. Unfortunately, temperature imaging tools are not available routinely on state-of-the-art clinical MRI instruments, a factor that limits its use in clinical research.
In this paper, principles of PRF-based MR thermometry are reviewed. Then, the compatibility of the various heating devices with MR temperature mapping is evaluated. MR temperature mapping may find widespread use in the clinic. The requirements for such generalized use are described.
Basic principles of MR temperature mapping with water Proton resonance frequency method
The PRF methods usually employ rapid RF-spoiled gradient echo imaging. Following image processing, an MR signal is associated for each volume element as a complex number. Grey levels on anatomical images are proportional to the MR signal magnitude value, whereas its phase relates to the proton resonance frequency. Temperature variation is calculated from phase changes for each voxel obtained at different times:
where Δϕ is the phase difference, ΔT the temperature variation, γ the gyromagnetic ratio (~42.58.2π.10 6 rad/T), α the temperature coefficient (~0.01 ppm/K), TE the echo time and B 0 the main magnetic field. The presence of lipids is a potential source of artifacts since the temperature dependency of the resonance frequency of lipid hydrogen is nearly zero. In practice, lipid contribution to the MR signal can be conveniently suppressed in gradient echo imaging by frequency-selective slice excitation [29] or alternative methods (as selective fat saturation or inversion recovery).
High temperatures lead to coagulation and immediate cell death. However, moderate temperature elevations may also lead to cell death, albeit it with a delayed effect via biochemical pathways leading to apoptosis. Lethal effects of elevated temperatures have been studied by Sapareto et al. [17] who established an empirical relation among temperature, duration of exposure and cell death. Using such relations, temperature measurements throughout the procedure allow on-line thermal dose evaluation using the following equation:
Lethal dose is reached when t eq exceed 240 min at 43°C [30, 31] . Thus, accurate thermal dose calculation requires a precise thermometry, since temperature has an exponential effect on thermal dose (see Eq. 2).
A summary of the basic elements required for real-time temperature mapping with the PRF method is given in the Appendix.
Heating devices for thermal therapies and their MR compatibility
Several existing minimally invasive techniques for the treatment of primary and secondary malignant hepatic tumors have been reviewed in [2] . Here, a short description is given together with the passive MR compatibility (use of non-ferromagnetic materials) as well as the active compatibility (avoiding interference with MR data acquisition).
Laser
Laser systems are often used for high spatial precision and small volume ablations (a few mm 3 is required). Lasers have been used to treat tumors of the esophagus [29, 30] , liver [34, 35] , lung [36, 37] , colon [38, 39] , head and neck [40] , and brain [41] . The laser technique has the advantage of being fully compatible with MR imaging [42] . MR imaging thus offers the potential for accurate on-line monitoring of energy deposition [43] (see Fig. 1 ).
Radiofrequency
Radio-frequency ablation for the treatment of hepatic tumors was initially proposed in 1990 [44, 45] . An alternating electric current is used to produce a local thermal injury in living tissue. An important temperature increase (about 50°C or higher) is generated to produce coagulative necrosis. Percutaneous radiofrequency thermal ablation [46] is widely used to treat malignant hepatic tumors (<4 cm in diameter) in a few minutes (maximum 45 min) in patients who are not eligible for resection. This is the typical size of precociously detected tumors in the liver. Recent systems allow the ablation of larger tumors (diameter higher than 4 cm) using several electrodes (three maximum) implanted in the tumor periphery. The main advantage of radio-frequency ablation is that the size of the thermal injury created by a single ablation is larger than that created by a single laser ablation.
Currently, CT and US are used to monitor RF ablation [47, 48] . Unfortunately, the estimation of the actual size of the ablated region is not very precise with US monitoring because the extent of the hyperechogenic zone does not strictly correspond to the necrotic area. Using CT, there is no density change related to acute necrosis. Such a prediction needs an intravenous injection of contrast material (microbubbles or iodine compound, respectively) [49] . Because of the impracticality of repeated injections, the extent of the ablative zone can only be assessed at the end of the procedure.
It has been recently demonstrated that quantitative temperature MRI during RF ablation is feasible [50] (see Fig. 2 from [18] ) and offers a precise indication of the ablation zone size in this preclinical study based on the lethal dose threshold [51] . A MR temperature uncertainty of 1-2°C can be obtained even during RF deposition. The thermal dose maps were shown to be more predictive and Reconstructions were performed with no triggering (top row), simple respiratory triggering only (second row), respiratory triggering with navigator phase correction (third row) and the triggered, navigated, multi-baseline method (bottom row). Yellow represents a temperature increase of −10°C over the nominal baseline temperature of 37°C; orange, red and purple are −20°C, −30°C and −40°C increases, respectively. Reproduced with permission from [43] precise than conventional MR images, with an average predictive precision for the final ablation zone size of about 1 mm as compared to the histologically proven lesion at day 8. Therefore, temperature MRI based on the thermal dose concept may play an important role in monitoring RF ablation and providing a clinical end-point.
Several limitations must be addressed before this technique can be widely applied in clinical practice. First, potential noise generated by the RF heating device can hamper image quality. RF interference artifacts around the MR frequency can be attenuated by efficient filtering. In addition, susceptibility artifacts induced by metallic electrodes represent an important limitation for precise and quantitative real-time monitoring, especially because it removes information around the electrode where the temperature is hottest [52] . MR-compatible electrodes with different materials have been developed and the dimensions of their induced susceptibility artifacts (passive interference) were previously reported [53] : the image artifact observed with a gradient-echo sequence was found to be five times larger than the actual size of the electrode itself when the electrode was perpendicular to the main magnetic field.
Microwave
The basic mechanism of heat generation in living tissue consists of rotation of water molecules. Microwaves are emitted from the distal segment of a percutaneous probe. A single ablation produces an elliptical coagulated area with a maximal diameter slightly greater than 2 cm near the tip of the electrode. Ideal lesions for microwave therapy are thus less than 3 cm. Recent works demonstrated the feasibility of the combination of microwave hyperthermia system with MR temperature maps [54] . This technique was applied to the treatment of liver tumors [55] (see Fig. 3 ). The duration of the procedure may be shorter (less than 60 s) than for radiofrequency, but treatments are usually repeated three times a week until the entire tumor is ablated.
Focused ultrasound HIFU is a non-invasive technique for local thermal therapy [1, 2] . It is based on oscillating pressure waves with a wavelength of approximately 1 mm that can be concentrated into a focal point with a size depending on ultrasound frequency, focal length and aperture of the transducer. The mechanical energy is transformed into thermal energy because of local friction. The development of the noninvasive HIFU heating technique [56] and the potential of MRI for on-line temperature mapping has provided the basis for the combination of the two technologies [57] , hereafter referred to as MR-guided HIFU (MRgHIFU).
The available MRgHIFU procedures are dedicated for the moment to immobilized organs (breast, uterus, prostate) in which mechanical waves are not attenuated nor dispersed by other organs. The procedures remain long (several hours) because the focal area of the ultrasonic waves has a small size (few mm 3 ). Several clinical studies using MRgHIFU have been reported for ablation of uterine Grayscale magnitude image obtained during RF ablation with superimposed increased temperature contours, the levels of which are indicated by color coding (blue=+10°C, green=+20°C and red= +30°C above starting physiological temperature). c Temporal evolution of temperature for a pixel located at a 2-mm distance from the RF needle (A, in red) and a pixel located at a 20-mm distance (B, in black). The periods of RF power deposition are indicated in blue at the top of c. Two 20% impedance rises occurred, leading to the two cuts of RF power: the first at 520 s (cut 1) and the second at 660 s (cut 2). Reproduced with permission from [18] Fig . 3 Biplanar temperature maps during the microwave ablation of a liver tumor. The upper two are MR temperature maps and the lower two are reformatted images in the corresponding two perpendicular planes. The color-coded scale on the right, overlaying the magnitude images, indicates the temperature increase. Reproduced with permission from [55] fibroids [6, 7] (see Fig. 4 from [6] ) and breast cancer [8, 9] , demonstrating that MR temperature mapping is indeed feasible for guiding HIFU therapy. MRgHIFU treatment has been approved for the ablation of uterine fibroids and is now available in many hospitals. The HIFU technology is under rapid development in the cancer research field, e.g., with the treatment of brain through the skull [58] [59] [60] . Treatment of mobile tissues (e.g., liver and kidney tumors) would add a major new field of MR-HIFU applications. In order to make this possible, the MR-HIFU system must be adapted to take the motion into account, both with respect to positioning of the focal point (target tracking), as well as to correcting for motion artifacts in temperature mapping [61] . Without such corrections, treatment may be inefficient or may induce unwanted destruction of healthy neighboring tissue.
Requirements of MR temperature for real-time cancer therapy guidance and end-point determination MR thermometry offers a large potential for real-time therapy hyperthermia guidance and to provide therapy endpoints. However, in order to make MR temperature mapping widely useful for thermal therapies in clinical practice, much attention has to be paid to several conditions such as: (1) excellent spatial and temperature resolution; (2) on-line availability of accurate temperature maps and thermal dose maps; (3) robustness to artifacts in particular for temperature mapping of moving organs; (4) automatic quality assessment; (5) on-line visualisation of the hyperthermia procedure based on the presentation of thermal maps; (6) possibility of a retro-control of the heating device to deliver a pre-defined thermal dose in a pre-defined volume.
High temporal and spatial resolution
A reliable temperature measurement must be performed on a region of interest defined by the radiologist. This region contains the ablation zone with a surrounding safety interval (typically at least 5 mm). Optimal MR thermometry requires high temporal and spatial resolution to precisely monitor temperature distribution within the targeted area and to predict the efficiency of the thermal treatment. Ideally, the time delay between two successive temperature maps should be small compared to the time in which the measured temperature change would have a significant influence on the therapy (a few seconds at 50°C up to 4 h at 43°C). Spatial resolution should be better than the smallest structure to be tracked individually (anatomically determined), and such that temperature gradients across the voxel do not lead to signal intensity loss (due to phase distribution) and significant errors in the determination whether the lethal dose is reached (determined by the energy applicator and heat conduction). In case of HIFU ablation, the resolution should be better than the dimensions of the focal point to avoid partial volume. A recent Fig. 4 MRgHIFU treatment planning of uterine fibroids, monitoring, progression and posttreatment follow-up. a Coronal T2-weighted fast SE MR image (4,000/90) was used for treatment planning. Sonication locations and sizes (green lines) were determined with the system planning software from this prescription (and the tissue depth) and were displayed on top of the treatment plan. During treatment, the accumulated thermal dose (yellow area) was displayed on top of treatment planning images. Dose threshold of 240 equivalent min at 43°C is displayed. b Sagittal T2-weighted MR image (2,500/98) shows treatment plan and area that achieved threshold thermal dose. c, d Temperature-sensitive phase-difference fast spoiled gradient-recalled-echo MR images (39.9/19.7) were acquired at peak temperature increase during two sonications. C (coronal view) was acquired perpendicular to the direction of the ultrasound beam, while D (sagittal view) was acquired parallel to the direction of the beam. C and D were used to estimate the thermal dose (blue line) for each sonication. e, f Images depict result of treatment. E: Sagittal contrast-enhanced gradient-recalled-echo MR image (245/1.8) was acquired 2 days after ultrasound surgery. Nonenhancing area (arrow) is seen clearly in F, which is a gross pathologic cut specimen that shows the central area of hemorrhagic necrosis. Reproduced with permission from [6] review has summarized developments in rapid imaging for temperature mapping [28] .
Accurate thermometry
The accuracy of MR thermometry depends on several factors such as SNR, echo time (TE) and field strength, artifacts (see below). Acceleration of image acquisition in order to increase temporal resolution usually implies a signal-to-noise reduction. It is well established that electronic noise is Gaussian white noise [62] . The MR system measures the real and imaginary components of the signal. As these two data each contain (ideally) Gaussian noise, the resulting noise in the magnitude images will have a Rician distribution [63, 64] .
The precision of temperature estimation can thus be estimated from the standard deviation of a time series of measurements. Because the SNR increases with magnetic field intensity, only recent fields of 1 T (or higher) offer the possibility to obtain a thermal map with accuracy close to 1°C acquired with duration of 0.5 s per slice composed of 1 mm 3 voxels.
Low level of artifacts due to susceptibility effects
It has usually been assumed that, for PRF methods, macroscopic magnetic susceptibility effects are independent of temperature. A susceptibility field modification generates a perturbation of the magnetic field in the MRI and thus of the measured signal phase. Magnetic susceptibility is usually spatially inhomogeneous (in particular near the intestines, stomach, esophagus, lungs, etc.) and increase with B 0 intensity. However, it has been demonstrated that temperature-dependent changes in magnetic susceptibility may not be negligible [65, 66] .
Low level of artifacts due to motion
Complex organ displacement and deformation (mainly induced by breathing or cardiac activity) must be compensated in order to:
-improve the precision of on-line temperature measurement by performing phase difference on pixels corresponding to identical spatial localization, -enable temporal extraction of information on images and thus make possible on-line thermal dose computation (as for each pixel, the history of the temperature corresponding to the same spatial localization in the organ is required, see equation [2] ), -preserve for each acquired image the validity of regions of interest defined by the radiologist at the beginning of the intervention (the targeted region, for example).
In addition, although the spatial transformation of the reference phase image can be corrected, an unwanted phase shift cannot be fully suppressed. In fact, the local magnetic susceptibility distribution is modified when a motion occurs. Therefore, both PRF shift with temperature and movements of the patient result in phase variation, and it is difficult to separate these two contributions within a single phase image. Correction of motion-related errors is one of the most challenging tasks in temperature MRI and is subject to active research. Techniques are now being explored to allow correcting motion-related errors in PRFbased MR thermometry avoiding explicit modeling of the susceptibility field [28] . Visualization A 3D visualization of temperature evolution and thermal dose accumulation, based on multi-slice imagery, must be developed in order to allow a precise monitoring of the therapy. With recent improvements of spatial and temporal resolution of MR data, this visualization will become essential for the radiologist for an accurate localization of necrosis areas and to avoid destruction of healthy neighboring tissue.
Retro-control of the heating device
Accurate thermometry allows the possibility of automatic control of the thermal procedure to deliver a pre-defined thermal dose in a pre-defined volume. To obtain such a control, it has been shown that MR thermometry can be used to provide spatial and temporal temperature feedback for the power control of the HIFU device. Until now, such a control system has been demonstrated for immobilized tissues in vitro and in vivo [67] .
Conclusion
Clinical results of minimally invasive ablation techniques are comparable to those obtained with conventional chemotherapy or radiation therapy [2] . For non-surgical patients, these techniques are becoming standard independent or adjuvant therapies. An on-line temperature monitoring appears the best strategy to further improve the outcome. For optimal treatment, temperature in the targeted volume should be controlled accurately and continuously. The excellent linearity of the temperature sensitivity of the water PRF and its near independence with respect to the nature of the tissue make the PRF-based approach the preferred choice for temperature monitoring. PRF methods can be used in conjunction with all heating devices. The combination of focused ultrasound and MRI is especially promising since MRI allows a high precision of target localization, and it is the only noninvasive imaging technique that has been shown to allow accurate temperature mapping in vivo. For those reasons, HIFU ablation guided by MRI has been called the surgery of the future [68] . A MR feedback control system has been demonstrated for HIFU treatment of immobilized tissues in vitro and in vivo. Major problems for liver, kidney and heart are artifacts related to magnetic susceptibility effects and motion. However, promising techniques are now being developed to allow MR temperature measurement on mobile organs. Acquisition, image processing and visualization sequence for MR temperature mapping PRF thermometry uses a gradient echo acquisition and may benefit from the wide number of rapid gradient echo imaging techniques developed for several MRI applications [69] , and widely available on state-of-the-art MRI equipment. A compromise has to be made in the choice of the acquisition parameters for a given imaging sequence and a target organ with the following objectives:
-High temporal (1-5 s) and spatial (1-3 mm) resolution.
-High temperature precision. For that purpose, T E must be similar to T Ã 2 : In addition, the signal to noise ratio (SNR) is directly related to uncertainty in temperature estimate. For example, to obtain a temperature precision of 1°C, SNR should be at least 9 in the kidney (for which the typical value of T -No motion artifacts. Motion restraining devices in the positioning of the patient can be used. In addition, the simplest technique to reduce periodic motion artifacts is to synchronize the acquisition of the images to a stable part of the cycle (e.g., at the end of expiration for breathing). Synchronization can be achieved by triggering the MR pulse sequence [43] based on electric signals provided by a pressure sensor ("respiratory gating") or cardiac electrodes ("cardiac gating"). Alternatively, MR methods can be employed using navigator echoes. The major drawback of those methods is that the temporal resolution depends on the motion frequency and a limited set of images can be acquired during a respiratory cycle (~5 s for humans).
-Elimination of potential source of artifacts generated by the presence of lipids (since the temperature dependency of the resonance frequency of lipid hydrogen is nearly zero). In practice, lipid contribution to the MR signal can be conveniently suppressed in gradient echo imaging by frequency-selective slice excitation [29] or alternative methods (as selective fat saturation or inversion recovery). -Low image distortions. Magnetic susceptibility is usually spatially inhomogeneous, possibly inducing important image distortions, especially in the case of rapid phase-sensitive, PRF-based, MR thermometry.
The reconstructed signal is a complex number: grey levels on anatomical images are proportional to the magnitude value whereas its phase value relates to the proton resonance frequency. This initial data processing is done on-line by the MR acquisition computer. Then, temperature computation requires the use of reference phase maps [23, 24] . This specific processing is not available on standard MRI. Real and imaginary data are thus transferred on-line to a workstation in charge of temperature computation and visualization and, if possible, control of the heating device. Temperature maps are thus computed by analyzing contrast variation on phase images [27] (see Eq. 1). Artifacts on temperature maps should then be reduced to a level of negligible error both with respect to anatomy as well as temperature. Artifacts in anatomy appearing in gradient echo imaging have been reviewed elsewhere [70] . Temperature mapping using the PRF method is particularly subject to thermometry errors since a small phase change may not lead to errors in anatomical features, but give significant thermometry errors via Eq. 1). On-line PRF temperature measurement may only be reliable when potential problems are eliminated due to [28] :
-possible low SNR values due to the use of rapid acquisition sequences or lack of water hydrogen signal in the observed region, -spatial and temporal drift of the magnetic field, -local phase discontinuities and wrapping: the observable phase signal is 2π-periodic (it is a function of the wrapped phase) and accounts for the noise sources present in MR imaging. A robust unwrapping algorithm is required for accurate temperature computation as thermal map results from phase difference (see Eq. 1) [23, 24] . As temperature computation is performed individually for each voxel, aliasing problem can be solved using a temporal unwrapping correction. Temperature has to be unwrapped in order to correct for possible temporal discontinuities by bringing back Δϕ in the interval [−π,π] by adding or subtracting 2π. However, phase difference can exceed 2π during the complete intervention in the case of important rise of temperature. As changes in phase variations between successive images are much smaller, temperature aliasing correction is performed on successive acquisitions.
Accurate MR temperature monitoring has been demonstrated for immobilized organ. Techniques are now being developed to allow MR temperature measurement of mobile organs. Much attention is paid to organs of the abdomen as they are prone to periodic displacements induced by breathing or cardiac activity. Accelerated acquisition techniques are used (acquisition time per image faster than typical motion period) and the phase perturbation associated with organ motion is analyzed during a pre-treatment step. A collection of multiple baseline reference phase images for different positions of the organ is used to generate temperature maps. Since this is not the primary focus of this paper, the reader is referred to recent articles [28, 43, 61] .
Systematic quality control of rapid, on-line, temperature maps should then be carried out, in particular when artifacts may occur due to motion and to specific MR image reconstruction such as parallel imaging, which may induce spatially dependant SNR losses. Automatic and semiautomatic therapy controls require continuous assessment of the reliability of the available temperature maps. The temperature standard deviation is a good indicator of thermometry quality in a region where no heating is performed. Depending on the application, a typical maximal value may be defined by the radiologist (2°C for instance). During the intervention, this criterion is hard to evaluate within the targeted area because of the temperature rise. However, an evaluation can be carried out outside the heated region, thus approximating the quality in the target region. If the quality tests fail, the erroneous image should be rejected and additional computations be performed (for example, the last correctly acquired image is taken into account). If the quality tests succeed, the thermal dose map is computed using Eq. 2.
Images can thus be displayed, analyzed and stored. Visualization should be in real-time and include temperature and thermal dose maps, and allow evaluation of the entire target volume (or at least three parallel maps or two orthogonal maps).
